Abstract-This paper presents a self-contained powered knee and ankle prosthesis, intended to enhance the mobility of transfemoral amputees. A finite-state based impedance control approach, previously developed by the authors, is used for the control of the prosthesis during walking and standing. Experiments on an amputee subject for level treadmill and overground walking are described. Knee and ankle joint angle, torque, and power data taken during walking experiments at various speeds demonstrate the ability of the prosthesis to provide a functional gait that is representative of normal gait biomechanics. Measurements from the battery during level overground walking indicate that the selfcontained device can provide more than 4500 strides, or 9 km, of walking at a speed of 5.1 km/h between battery charges.
work that an actively powered knee and ankle prosthesis with the capability of generating human-scale net positive power over a gait cycle will provide improved functional restoration relative to passive prostheses.
Some of the earliest work in powered transfemoral prostheses was conducted during 1970s and 1980s and is described in [12] [13] [14] [15] [16] [17] [18] . Specifically, an electrohydraulically actuated knee joint, which was tethered to a hydraulic power source and utilized off-board electronics and computation, was developed and tested on at least one amputee subject. As described in [16] , an "echo control" scheme was developed for gait control. In this control approach, the modified knee trajectory from the sound leg was used as a desired knee joint angle trajectory on the contralateral side. Other prior work [19] reported the development of an active knee joint actuated by dc motors that utilized a finite-state knee controller with robust position tracking for gait control. Ossur, a prosthetics company, has recently introduced the "Power Knee" that uses a control approach, which like echo control, utilizes sensors on the sound leg to prescribe a trajectory for the knee joint of the prosthesis [20] . Martinez-Villalpando et al. [21] , present a prosthesis with an agonist-antagonist knee, which is intended to restore knee function via biomimetic actuation.
Work in powered transtibial prostheses includes [22] , which describes the design of an active ankle joint using McKibben pneumatic actuators. Ossur has also introduced a "powered" ankle prosthesis, called the "Proprio Foot," which does not contribute net power to gait, but rather dorsiflexes the ankle angle during swing to avoid stumbling and during sitting to better accommodate a sitting posture [23] . Bellman et al. describe an active robotic ankle prosthesis with actuated DOFs in both the sagittal and frontal planes [24] . Au and Herr built a powered ankle-foot prosthesis that incorporates both parallel and series elasticity to reduce peak motor torque and power requirements and to provide a more suitable output impedance [25] .
Unlike any of the aforementioned prior works, this paper describes a transfemoral prosthesis with both a powered knee and ankle. Note that, as described by Sup et al. [26] , the authors have previously developed a pneumatically powered knee and ankle prosthesis prototype, which was designed to leverage recent advances in monopropellant based pneumatic actuation described in [27] [28] [29] [30] . Despite this, the authors believe that the monopropellant technology in its current state is not ready for commercialization in the near-term. In order to provide a technology that is more appropriate for near-term use, the authors describe in this paper a powered knee and ankle prosthesis powered by a lithium-polymer battery. Such batteries Fig. 1 . Normal biomechanical gait data for an 85 kg subject walking at a cadence of 80 steps/min [9] . have an energy density approaching 200 W·h/kg [31] , which as described herein, enables the development of a transfemoral prosthesis with a reasonable weight and an acceptable, although limited, range of locomotion. The energy density of such batteries is expected to nearly double in the next decade (driven largely by the automotive industry's needs for electrical vehicles) [31] , which will provide a significantly improved range of locomotion. Prior to developing the self-contained, batterypowered active knee and ankle prosthesis described herein, Sup et al. [32] previously built a tethered, electrically powered knee and ankle prototype to explore the electrical power requirements of such a device.
Based on this preliminary work, the authors have developed an electrically powered self-contained active knee and ankle prosthesis, which is described herein. The self-contained prosthesis generates human-scale power at the joints and incorporates a torque-based control framework for stable and coordinated interaction between the prosthesis and the user. This paper describes the mechanical and electrical design of the prosthesis, provides an overview of the finite-state-based impedance control framework for walking and standing, presents experimental results on a single transfemoral amputee subject, and discusses the electrical power requirements in different activity modes. A video is included in the supplemental material that qualitatively conveys the performance of the approach.
II. PROSTHESIS DESIGN
The joint torque specifications required of the knee and ankle joints were based on an 85 kg user for a walking cadence of 80 steps/min (see Fig. 1 ) and stair climbing, as derived from body-mass-normalized data [8] , [9] , while the joint power specifications were based on data from Winter [9] , also for an 85 kg user. The design specifications are summarized in Table I . The resulting self-contained powered knee and ankle prosthesis is shown in Fig. 2 . A detailed discussion of the mechanical, sensor and embedded system design is given in the following sections. 
A. Mechanical Design
Actuation for the prosthesis is provided by two motor-driven ball screw assemblies that drive the knee and ankle joints, respectively, through a slider-crank linkage. The prosthesis is capable of 120
• of flexion at the knee and 45
• of planterflexion and 20
• of dorsiflexion at the ankle. Each actuation unit consists of a Maxon EC30 Powermax brushless motor capable of producing 200 W of continuous power and intermittently capable of more. The motor is connected to a 12-mm diameter ball screw with 2 mm pitch, via helical shaft couplings. The ankle actuation unit additionally incorporates a 302 stainless steel spring (51 mm free length and 35 mm outer diameter), with three active coils and a stiffness of 385 N/cm in parallel with the ball screw. The purpose of the spring is to bias the motor's axial force output toward ankle plantarflexion, and to supplement power Fig. 3 . Reduction of linear force output required by the ankle motor unit by the addition of a spring in parallel for walking at 120 steps/min, taken from averaged normal biomechanical data [9] . Note that the spring is engaged at -5 • and achieves a peak spring force of 620 N at 7 • . output during ankle push off. The stiffness of the spring was chosen to allow for peak force output without limiting the range of motion at the ankle. The resulting axial actuation unit's force versus ankle angle plot (see Fig. 3 ) graphically demonstrates for walking the reduction in linear force output supplied by the motor at the ankle through the addition of the spring. Note that the compression spring does not engage until approximately 5
• of ankle plantarflexion.
Each actuation unit includes a uniaxial load cell (Measurement Specialties ELPF-500L), positioned in series with the actuation unit for closed loop force control of the motor/ballscrew unit. Both the knee and ankle joints incorporate bronze bearings and, for joint angle measurement, integrated precision potentiometers (ALPS RDC503013). A strain-based sagittal plane moment sensor (see Fig. 4 ) is located between the knee joint and the socket connector, which measures the moment between the socket and prosthesis. The ankle joint connects to a custom foot design (see Fig. 5 ), which incorporates strain gages to measure the ground reaction forces on the ball of the foot and on the heel. The central hollow structure of the prosthesis houses a lithium-polymer battery and provides an attachment point for the embedded system hardware. To better fit within an anthropomorphic envelope, the ankle joint is placed slightly anterior to the centerline of the central structure.
The length of the shank segment is varied by changing the length of three components: the lower shank extension, the spring pull-down, and the coupler between the ball nut and ankle. Additional adjustability is provided by the pyramid connector that is integrated into the sagittal moment load cell for coupling the prosthesis to the socket (as is standard in commercial transfemoral prostheses). The structure of the prosthesis was fabricated from 7075 aluminum. The total mass of the selfcontained device is 4.2 kg, which is within an acceptable range for transfemoral prostheses, and comparable to a normal limb segment [33] . A weight breakdown of the device is presented in Table II . 
B. Moment and Force Sensing
The sagittal plane moment between the user and prosthesis, and the force between the prosthesis and ground is sensed in order to infer user intent and coordinate prosthesis control. Based on biomechanical data [8] , [9] , the required range of measurements was determined to be 100 N·m of sagittal plane moment and a ground reaction force of 1000 N. The sagittal plane moment is measured above the knee joint at the socket interface and the ground reaction force is measured by the custom foot. The location of the sensors was chosen to avoid coupling the desired measured ground reaction force and sagittal moment with the joint torques. In addition, incorporating the ground reaction load cell into the structure of a custom foot eliminates the added weight of a separate load cell, and also enables separate measurement of the heel and ball of foot load.
The sagittal plane moment sensor, as shown in Fig. 4 , is designed to have a low profile in order to accommodate longer residual limbs. The sensor incorporates a full bridge of semiconductor strain gages that measure the strains generated by the sagittal plane moment. Finite-element analysis, using ProEngineer Mechanica, was used to minimize the overall design height and to achieve the desired strains in the load cell. The sensor is fabricated from 7075 aluminum and has an assembled weight of 120 g including the stainless steel pyramid connector. The overall height of the sensor including the pyramid connector is 32 mm, with a rectangular base of 78 mm × 44 mm. The device was calibrated for a measurement range of 100 N·m, and exhibited linearity within ±5% error over the full-scale output.
The custom foot, as shown in Fig. 5 , was designed to measure the ground reaction force components at the ball of the foot and heel. The foot is comprised of heel and toe beams, rigidly attached to a central fixture and arranged as cantilever beams with an arch that allows for the load to be localized at the heel and ball of the foot, respectively. Each heel and toe beam incorporates a full bridge of semiconductor strain gages that measure the strains resulting from the respective ground contact forces. The foot utilized for the tests described herein measures 220 mm long, 56 mm wide, and is 35 mm tall to the top of the central fixture, and approximates a U.S. size 12 ft or EU size 46 ft. The foot is fabricated from 7075 aluminum and weighs 350 g. The dimensions and weight are similar to commercial low-profile carbon-fiber prosthetic feet, such as the Otto Bock Lo-Rider. The prosthetic foot was designed to be housed in a soft prosthetic foot shell, as shown in Fig. 2 . The heel and ball of foot load sensors were calibrated for a measurement range of 1000 N, and demonstrated linearity within ±4% error for the full-scale output range.
C. Embedded System
The powered prosthesis contains an embedded microcontroller that allows for either tethered or untethered operation. The embedded system consists of signal processing, power supply, power electronics, communications, and computation modules (see Fig. 6 ). The system is powered by a lithium polymer battery with 29.6 V nominal rating and 4000 mA·h capacity. The signal electronics require ±12 and +3.3 V, which are provided via linear regulators to maintain low noise levels. For efficiency, the battery voltage is reduced by pulsewidth-modulated (PWM) switching amplifiers to ±15 and +5 V prior to using the linear regulators. The power can be disconnected via a microcontroller that controls a solid-state relay. The power status is indicated by LED status indicators controlled also by the microcontroller.
The analog sensor signals acquired by the embedded system include the prosthesis sensors signals (five strain gage signals and two potentiometer signals), analog reference signals from the laptop computer used for tethered operation, and signals measured on the board including battery current and voltage, knee and ankle servoamplifier currents and a three-axis accelerometer. The prosthesis sensor signals are conditioned using input instrumentation amplifiers (AD8220) over a range of ±10 V. The battery, knee motor and ankle motor currents are measured by current sensing across 0.02 Ohm resistors and via current sensing amplifiers (LT1787HV). The signals are filtered with a first-order RC filter with 1.6 kHz cut off frequency for the commercial load cells and joint angles and 160 Hz cutoff frequency for the sagittal moment, heel and ball of foot custom load cells and buffered with high slew rate amplifiers before the analog-to-digital conversion stage. Analog-to-digital conversion is accomplished by two 8-channel analog-to-digital converters (AD7329). The analog-to-digital conversion data are transferred to the microcontroller via serial peripheral interface (SPI) bus.
The main computational element of the embedded system is an 80 MHz PIC32 microcontroller with 512 kB flash memory and 32 kB RAM, which consumes approximately 400 mW of power. The microcontroller is programmed in C using MPLAB IDE and MP32 C Compiler. In addition to untethered operation, the prosthesis can also be controlled via a tether by a laptop computer running MATLAB Simulink RealTime Workshop. In the untethered operation state, the microcontroller performs the middle-and low-level controllers of the prosthesis at each sample time (1 ms) and data logging at every 5 ms. In the tethered operation state, the microcontroller drives the servoamplifiers based on analog reference signals from the laptop computer. A 1 GB memory card is used for logging time-stamped data acquired from the sensors and recording internal controller information. The memory card is interfaced to the computer via wireless USB protocol. The microcontroller sends PWM reference signals to two four quadrant brushless dc-motor drivers (Advanced Motion Control AZBDC20A8) rated at 12 A continuous and 20 A peak current output with regenerative capabilities in the second and fourth quadrants of the velocity/torque curve.
The embedded system printed circuit board is a 130 mm × 90 mm four-layer board designed for surface mount technology (SMT) components. To further reduce the footprint of the board, the removable servoamplifiers were raised to allow for the placement of components underneath, as shown in Fig. 7 . The mass of the embedded system is 0.36 kg, which consists of the board and components (0.10 kg), servoamplifiers (0.19 kg), and protective cover (0.07 kg).
D. Control
The general control architecture of the prosthesis consists of three levels, as diagrammed in Fig. 8 . The high-level supervisory controller, which is the intent recognizer, infers the user's intent based on the interaction between the user and the prosthesis, and switches the middle-level controllers appropriately. Intent recognition is achieved by first generating a database containing sensor data from different activity modes and training a pattern recognizer that switches between activity modes in real time, as described in [34] . A middle-level controller is developed for each activity mode, such as walking, standing, sitting, and stair ascent/descent. The middle-level controllers generate torque references for the joints using a finite-state machine that modulates the impedance of the joints depending on the phase of the gait. The low-level controllers are the closed-loop joint torque controllers, which compensate for the transmission dynamics of the ball screw (i.e., primarily friction and inertia), and thus, enable tracking of the knee and ankle joint torque references (commanded by the middle-level controllers) with a higher bandwidth and accuracy than is afforded with an openloop torque control approach.
The finite-state impedance control developed by the authors utilizes an impedance-based approach to generate joint torques [26] . The joint torques for each activity mode, such as walking, standing, sitting, stair ascent/descent, are governed by separate finite-state machines, which modulate the joint impedance according to the phase of gait. The finite-state machines for walking and standing are diagrammed in Figs. 9 and 10 , respectively. The state model for walking is described by five phases, three of which are stance phases (early stance, middle stance, and late stance) and two of which are swing phases (swing knee flexion and swing knee extension). The standing state model is described by two phases, which are a weight-bearing phase and a nonweight-bearing phase. Note that the distinction between torque commands and position commands is largely one of output impedance, i.e., accurate tracking of position trajectories requires a high joint output impedance, which is not characteristic of human gait. By generating torque trajectories rather than position trajectories, the output impedance of each joint can be more closely matched to the native limb, thus enabling the user to interact with the prosthesis by leveraging its dynamics in a manner similar to normal gait. In other words, the resulting motion of each prosthesis joint is due to the combination of the user input and the prosthesis input, rather than resulting from the prosthesis input alone (as would be the case with a positionbased controller). In each phase, the knee and ankle torques, τ i , are each described by a passive spring and damper with a fixed equilibrium point, given by
where k i , b i , and θ ki denote the linear stiffness, damping coefficient, and equilibrium point, respectively, for the ith state. Energy is delivered to the user by switching between appropriate equilibrium points (of the virtual springs) during transitions between phases. In this manner, the prosthesis is guaranteed to be passive within each phase, and thus, generates power simply by switching between phases. Since the user initiates phase switching, the result is a predictable controller that, barring phase switching input from the user, will always default to passive behavior.
III. EXPERIMENTS
The powered prosthesis was tested on a 20-year-old male (1.93 m, 75 kg) unilateral amputee three years post amputation. A photograph of the transfemoral amputee wearing the prosthesis is shown in Fig. 11 . The length of the test subject's residual limb measured from the greater trochanter to the amputated site was 55% of the length of the nonimpaired side measured from the greater trochanter to the lateral epicondyle. The subject uses an Otto Bock C-leg with a Freedom Renegade prosthetic foot for daily use. For testing of the powered prosthesis prototype, the subject's daily-use socket was used, with the height and varus-valgus alignment of the prosthesis adjusted for the initial trial by a licensed prosthetist.
A. Parameter Tuning
Experiments were performed to characterize the knee and ankle joint angles, torques, and power while walking over ground at a self-selected walking speed, and also to characterize the system's electrical power consumption, mechanical power generation, and efficiency. In order to conduct the overground characterization, a series of experiments were required to parameterize the middle-level controller to the subject at various walking cadences. The controller parameterization was conducted on a treadmill at three walking cadences. The nominal cadence used for parameter tuning was the subject's self-selected cadence while wearing his daily-use prosthesis. For overground walk- ing, the subject walked comfortably with his daily use (passive) prosthesis at 90 steps/min at 4.1 km/h. For treadmill walking, the speed indicator on the treadmill was covered and the subject adjusted the treadmill speed until he felt comfortable. The self-selected normal cadence of the subject was determined to be 75 steps/min at 2.8 km/h. Fast and slow cadences were set at ±15% of the normal treadmill cadence resulting in treadmill speeds of 2.2 and 3.4 km/h, respectively. The middle-level control parameters of the powered prosthesis were then tuned (with the prosthesis controlled in the tethered state) while walking on the treadmill at slow, normal and fast walking cadences (as determined by the daily use prosthesis), and also for standing. During the standing mode, the test subject alternately shifted his weight between limbs, turned in place, and stood still. Note that in all cases, the parameters were tuned using a combination of feedback from the user, and from visual inspection of the joint angle, torque, and power data. Note also that the tethered operating mode was utilized during treadmill parameter tuning because it enables quick and easy parameter variation and data visualization, and thus, greatly expedites the iterative parameter tuning process. The resulting middle-level controller parameters of the tuned impedance functions for standing and for the various walking cadences are listed in Tables III and IV. The measured joint angles from the prosthesis' on-board sensors during level treadmill walking at cadences of 64, 75, and 87 steps/min are shown in Fig. 12 . In comparing the knee and ankle angles to prototypical data from normal subject (see Fig. 1 ), one can observe that the powered prosthesis and controller provide knee and ankle joint angle profiles quite similar to those observed during normal gait. The ability of the device to provide stance flexion provides cushioning at heel strike and reduces the rise of the body's center of mass to allow for more efficient gait [35] . A video from these trails is included in the supplemental material. 
B. Overground Walking
Once the middle-level controllers were fully parameterized for standing and slow, medium (i.e., self-selected), and fast cadences, the prosthesis was switched to the untethered operating mode, so that the subject could walk overground with the fully self-contained prosthesis (i.e., without a tether hindering movement). The subject walked on a straight, 50 m track (actually a hallway) at a self-selected cadence (87 steps/min). As has been documented by others (e.g., see [36] ), the mechanics of treadmill walking are not entirely consistent with the dynamics of overground walking, and as such the self-selected speeds overground are typically significantly faster than self-selected speeds on a treadmill. Consistent with this phenomenon, the subject's self-selected speed during the overground walking tests was 87 steps/min, which corresponded to a walking speed of 5.1 km/h, both of which are significantly greater than the self-selected treadmill walking (which were 75 steps/min and 2.8 km/h, respectively). Furthermore, the subject's overground self-selected speed increased 24% from 4.1 to 5.1 km/h while using the powered prosthesis. The subject walked on the 50 m track at a self-selected speed for a total of ten trials while prosthesis Measured joint angles, torques, and powers from walking on level ground at the self-selected cadence for ten consecutive strides are shown in Fig. 13 . As indicated by the data, the powered prosthesis provides knee torques over 40 N·m (during stance flexion) and ankle torques approaching 120 N·m during toe-off. As shown in the power data, the prosthesis is contributing significant positive power (during stance) at both the knee joint (peak powers of 50 W) and ankle joint (peak powers approaching 250 W). For each stride, the prosthesis delivers 13.8 J of net energy on average at the ankle. Finally, the torque tracking for the knee and ankle joints, as shown in Fig. 14, indicates good torque tracking, and further indicates that the torque and power capabilities of the self-powered prosthesis are well suited to the demands of the controller.
C. Power Consumption and Battery Life
One of the primary constraints of the electrically powered knee and ankle prosthesis design is the power source. As such, the electrical power consumption was measured to characterize the potential battery life and range of the device. The electrical power consumed (by the servoamplifiers) and the mechanical power generated over one gait cycle are shown in Fig. 15 . Electrical power regeneration (afforded by the regenerative servoamplifiers) is observed in the late swing gait phase in the knee. At the ankle joint, a peak mechanical power output of over 200 W is experienced at toe-off, which requires approximately 50% more electrical power at the motor leads.
In order to characterize battery requirements, the average electrical power required by prosthesis (i.e., the embedded system, knee joint, and ankle joint) during standing and walking over level ground (at the self-selected speed of 5.1 km/h) is shown in Fig. 16 . The total average power consumption for level ground walking and standing is 66 and 10 W, respectively. Since the prosthesis incorporates a (rechargeable) 118 W·h lithium polymer battery, such electrical power requirements suggest a battery life between charges of approximately 1.8 h of walking or 12 h of standing. With these figures, the prosthesis is capable of over 4500 strides (9000 steps by the user) with the prosthesis at the self-selected cadence. Given the walking speed of 5.1 km/h, the measured power requirements indicate a walking distance (for the amputee subject) of 9.0 km. Note that if the energy density of lithium ion battery technology doubles over the next five years (as is projected [31] ), the walking range between battery charges would similarly double approaching 20 km.
IV. CONCLUSION
This paper has described the design and control of a fully self-contained electrically powered knee and ankle prosthesis capable of producing human-scale power. Experimental results with a unilateral amputee indicate that the device can provide transfemoral amputee biomechanics during walking similar to those typically observed during healthy biomechanics. Power consumption measurements on level ground indicate that the device consumes 66 W at a walking speed of 5.1 km/h on a 75 kg subject. As such, given the specifications of the onboard battery pack, the prosthesis can provide 9.0 km of level, overground walking between recharges. Future work includes addressing the audible noise of the device and a comprehensive biomechanical evaluation of the powered prosthesis on multiple amputee subjects.
